Although previous studies have attempted to create "electronics-free" insulin delivery systems using glucose oxidase and sugar-binding lectins as a glucose-sensing mechanism, no successful clinical translation has hitherto been made. These protein-based materials are intolerant of long-term use and storage because of their denaturing and/or cytotoxic properties. We provide a solution by designing a protein-free and totally synthetic material-based approach. Capitalizing on the sugar-responsive properties of boronic acid, we have established a synthetic polymer gel-based insulin delivery device confined within a single catheter, which exhibits an artificial pancreas-like function in vivo. Subcutaneous implantation of the device in healthy and diabetic mice establishes a closed-loop system composed of "continuous glucose sensing" and "skin layer"-regulated insulin release. As a result, glucose metabolism was controlled in response to interstitial glucose fluctuation under both insulin-deficient and insulin-resistant conditions with at least 3-week durability. Our "smart gel" technology could offer a user-friendly and remarkably economic (disposable) alternative to the current state of the art, thereby facilitating availability of effective insulin treatment not only to diabetic patients in developing countries but also to those patients who otherwise may not be strongly motivated, such as the elderly, infants, and patients in need of nursing care.
INTRODUCTION
Diabetes is a major global health threat that poses a devastating impact on society (1, 2) . Among a growing lineup of medications for diabetes, insulin therapy continues to be a primary option in clinical practice for both palliative and preventive purposes (3) . A number of studies have shown that tight glycemic control achieved with intensive insulin regimes can effectively reduce the risk of developing or escalating complications (1, (4) (5) (6) . Currently, the most common modality of this treatment is the patients' self-administration, termed "open-loop" insulin delivery. However, this method inevitably suffers from inaccuracy of the dose control, where the overdose must be strictly avoided, otherwise causing acute and fatal hypoglycemia. Recently, a growing effort has been focused on the development of a "closed-loop" or a self-regulated type of insulin delivery system that is able to continuously deliver more accurate amount of insulin in response to the change in blood glucose concentrations. These so-called "artificial pancreas" systems typically combine subcutaneously implanted glucose sensors and automated algorithm-driven insulin infusing modules that are either electrically or wirelessly communicable (3, 7, 8) . Although accumulating reports validate this approach, limitations also persist. As for "electronics-derived" issues, the need for frequent calibration and maintenance may impair ease of use and thus the users' quality of life (QOL). In addition, these technologies may raise the cost of diabetes therapy.
Accordingly, there are also constant research efforts focusing on "electronics-free" approaches to the development of artificial pancreas systems (9) (10) (11) (12) (13) . The use of glucose oxidase (GOD) and a sugar-binding lectin, Concanavalin A (Con A), are two representative strategies often harnessed to endow the homing polymeric materials with the prerequisite glucose sensitivities (9-12, 14, 15) . However, these protein-based materials are not amenable to long-term use and storage because of their denaturing and cytotoxic properties. As a consequence, to our knowledge, no successful clinical translation of these systems has hitherto been made.
To overcome those limitations, a protein-free and thoroughly synthetic material-based approach is worth exploring. Phenylboronic acid (PBA) derivatives readily complex with 1,2-and 1,3-cis-diols, including those found in carbohydrates, through reversible boronate ester formation in an aqueous solution (16) (17) (18) (19) (20) (21) . Their binding strength and specificity can be widely tailored on the basis of stereochemistry and controlled electronic effect. This unique chemistry has already borne fruit as the molecular bases for synthetic glucose sensors, bioseparations, and other diagnostic and therapeutic applications (22) (23) (24) . A recent work by Anderson et al. (25) has described a new type of "smart" long-lasting insulin that is responsive to glucose based on this creative PBA-involved engineering. Our previous in vitro studies had demonstrated the following:
1. A glucose-dependent shift in the equilibria of PBA (between uncharged and anionically charged; Fig. 1A ), when integrated with optimally amphiphilic acrylamide gel backbone (Fig. 1B) , could induce a reversible, glucose-dependent change in hydration of the gel (16).
2. The resultant abrupt and rapid change in hydration, under optimized conditions, led to the formation of a gel surface-emerging, microscopically dehydrated layer, so-called "skin layer", providing a mode that is able to effectively switch the release (diffusion) of the gel-loaded insulin (Fig. 1C) (19) .
3. The chemical structure of the gel could be further optimized so that it undergoes the above-mentioned performance under physiologically relevant conditions, accompanied by a remarkably "gated" manner in response to the level of normoglycemia (17, 18, 20, 21) .
However, this approach using PBA gel is yet to be validated in vivo. Here, we describe a catheter-combined device that is suitably scaled for mouse model experiments and demonstrate that it can serve as an "electronics-free" and "totally synthetic" artificial pancreas with feasible safety, efficacy, and durability. This remarkably simple, diffusion-based principle may offer a number of advantages over the above-mentioned algorithm-controlled or enzymatically driven systems in terms of cost, stability, and ease of manufacturing, transport, storage, and maintenance, offering a more robust and easy-to-prevail (even to developing regions of the world) type of platform technology. In addition, advantageously, the pre-gel solution, which instantly gels upon heating, can 
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Insulin release On Off fill virtually any desired shape and dimension and therefore can be combined with other well-established medical device technologies such as (micro)needles, catheters, and many other implantable forms. Figure 2A provides images of the gel formed in a macroscopic slab shape that is equilibrated under different glucose environments, that is, hyperglycemic (1000 mg/dl; left) and no glucose (right) conditions. As mentioned above, the chemical structure of this gel has been designed (Fig. 1B) so as to evoke a glucose-dependent change in hydration with a threshold value (of glucose concentration) exactly at normoglycemia (100 mg/dl) under physiological aqueous conditions (pH 7.4; 37°C; 155 mM NaCl; fig. S1 ) (18) . Apparently, different sizes of the gel between the two states indicate correspondingly different levels of the hydration. One can also appreciate that the gel retains its opaque (light-scattered) color on its surface when equilibrated without glucose ( Fig. 2A, right) due to the occurrence of the skin layer, a surface-localized microscopic dehydration, which recovers into a more hydrated and transparent state when equilibrated under hyperglycemic condition ( Fig. 2A , left) (see also fig. S2 ). Figure 2B depicts a typical result of a insulin release experiment using the gel when challenged by preprogrammed patterns of glucose using a high-performance liquid chromatography (HPLC) setup (see Materials and Methods). For this experiment and the following in vitro study, a cylindrically shaped "capillary" gel (50 mm long and 1 mm in diameter) was used (see Materials and Methods). It is demonstrated in Fig. 2B that the release of insulin from the gel (bottom) is continuously controllable by the role of the skin layer with close correspondence to the pattern of glucose (top). Note that the observed fluorescence intensity in Fig. 2B (bottom) does not linearly correlate with the concentration of insulin in the milieu; in the equilibrium state, the rate of insulin release observed at the glucose concentrations of 200 mg/dl or higher was found to be at least two orders of magnitude greater than that observed under normoglycemic (100 mg/dl) conditions, in accordance with our previous report (see also Materials and Methods) (18) . Figure 2 (C to E) demonstrates in vitro validation of the gel in terms of its capability for glucose-dependent release of insulin and its inert effect on insulin bioactivity. Namely, the gel pieces were exposed to insulin-sensitive (differentiated 3T3-L1) adipocytes in the culture medium containing different concentrations of glucose, that is, 450 and 100 mg/dl, glucose values mimicking hyperglycemic and normoglycemic conditions, respectively (Fig. 2C) . As a control, 1 nM Humulin R was administered in the culture. The glucose concentrations were monitored for up to 24 hours. Here, insulin-dependent and insulin-independent glucose uptake gave rise to a decrease in glucose concentrations of the medium. The amount of insulin-independent glucose uptake was calculated using the culture with adipocytes alone. Thus, the data on the insulin-dependent glucose uptake are shown in Fig. 2D . Under highglucose conditions, the amount of insulin-dependent glucose uptake was almost comparable between experimental and control cultures (Fig. 2D,  left) . In contrast, glucose uptake was negligible in the culture with "insulin gel" under the low-glucose conditions, as compared to the Humulintreated control (Fig. 2D, right) . These results are presumably due to the role of the skin layer, which effectively blocks the release of insulin under normoglycemic conditions. The amount of cumulative insulin release in the culture continuously increased under the high-glucose conditions throughout the experimental period, whereas that under low-glucose conditions was stable (Fig. 2E) . Collectively, these observations support the capability of the gel to serve an artificial pancreas-like function, that is, glucose-dependent release of insulin in vitro, as illustrated in Fig. 1C , along with its inert effect on the activity of insulin.
RESULTS
Characterization of glucose-responsive gel
Catheter-combined device
The fabrication procedure for the catheter-combined device is summarized in Fig. 3 with some key micro-and macroscopic overviews. Briefly, 4-French (1.2 mm of diameter) silicone catheters bearing number-, size-, and pitch-controlled penetrating pores perpendicular to the long axis were prepared by optimized three-dimensional (3D) laser irradiation technique (Fig. 3, A and B) . Before gelation, the catheter surface was treated with a silane coupling agent bearing methacrylate functionality to warrant the stability in the following gel attachment. The molded gelation (Fig. 3C ) was then carried out in a way that the gel occupies the whole inner wall of the catheter and the openings, as indicated in Fig. 3E . The outermost surface of the device was further coated with a thin layer of poly(ethyleneglycol) to reduce unwanted biofouling upon subcutaneous implantation and also to reinforce the overall mechanical integrity (figs. S3 to S7). The gel-modified catheter was then cut into 15-mm-long pieces, and each of them was connected with another longer (11 cm) piece of nontreated catheter (Fig. 3F) ; the thus-installed "long-tail" part served as an insulin reservoir. Figure 4A illustrates an operating principle of the device to achieve an artificial pancreas-like function via skin layer-driven diffusion control of insulin, the rate of which is readily scalable by tuning the number of the openings on the wall. Figure 4B shows a representative result of insulin release from the device, revealing a good synchronization between the pattern of glucose (top) and the insulin release (bottom), similar to Fig. 2B .
It is important to address the biosafety of the device. In vitro experiments were performed using Chinese hamster lung fibroblasts (V79). Conditioned medium prepared from the culture of the device in M05 medium did not affect colony formation of V79 cells, suggesting no detectable cytotoxicity of the device after autoclaving ( fig. S8A ). Moreover, we implanted the device under the skin of normoglycemic mice for a week to investigate the biosafety in vivo ( fig. S8 , B to E). The mice were divided into two groups: mice implanted with the control silicone catheter and the catheter-combined device. There was no significant difference in the population of circulating immune cells and mRNA expression of the genes related to inflammation between the groups ( fig. S8 , B and C). Histological examinations revealed that mild inflammatory cell infiltration and fibrotic changes occurred around the device to a similar extent, as observed around the clinically available silicone catheter (fig. S8, D and E). These observations suggest that the device meets the clinically required biosafety.
Evaluation of glucose-responsive insulin release in vivo
We then examined how this insulin delivery device works in response to acute nutritional changes such as starvation and hyperglycemia in healthy mice (Fig. 5A, top) . Although there was a slight decrease in blood glucose concentrations in mice implanted with the device containing recombinant human insulin (Humulin R), it was not severe hypoglycemia (Fig. 5A , GTT-1). The glucose tolerance test revealed that the human insulin-loaded device markedly suppressed a transient increase in blood glucose concentrations compared to the PBS-loaded device. Notably, the glucose-lowering effect was observed as early as 15 min after the glucose injection. Moreover, the device was still effective 7 days after the initial experiment, indicating the durability and stability necessary for future clinical use (Fig. 5A, GTT-2 ). In parallel, we confirmed that serum concentrations of human insulin were markedly increased by acute glucose injection and then decreased at 60 min (Fig.  5A , GTT-1 and GTT-2), directly supporting the on-off function of the device depending on circumferential glucose levels. Under these experimental conditions, the serum concentrations of mouse C-peptide were significantly decreased in the human insulin-treated mice relative to the control mice (Fig. 5A , GTT-2). There was no apparent reduction of loaded insulin levels in the device after a series of glucose tolerance tests. Moreover, the device was therapeutically effective for at least 3 weeks in mice ( levels of insulin release from the device were observed in the human insulin-treated mice, whose blood glucose concentrations were almost comparable to those in the control mice ( fig. S9 , B and C). These observations indicate that our insulin delivery device is capable of a rapid response to the glucose concentrations in the subcutaneous interstitium surrounding the device, thereby mitigating endogenous insulin secretion from pancreatic b cells. We next injected different doses of glucose into the mice to gain insight into the conditions under which the device can respond to the interstitial glucose concentrations surrounding the device (Fig. 5B) . Here, the recombinant human insulin-loaded device effectively lowered the blood glucose concentrations in mice receiving the higher doses (2 and 3 g/kg body weight) of glucose, whereas only a marginal effect was observed in those receiving 1 g/kg body weight of glucose. We further examined the effects of other sweeteners, such as monosaccharide fructose and artificial sweetener aspartame, on the device (Fig. 5C ). Administration of the physiological amount of fructose (corresponding to the amount included in eight oranges) and aspartame (corresponding to the daily consumption limit recommended by World Health Organization) did not show a substantial effect on blood glucose concentrations in the mice implanted with the recombinant human insulin-and PBSloaded devices. Thus, these observations support dose-dependent dynamics and glucose-specific behavior of the device and consequently led us to assess the therapeutic efficacy for diabetes in mice.
Therapeutic efficacy for diabetes in mice
We then examined the effect of the device on glucose metabolism in streptozotocin (STZ)-induced type 1 diabetes (conditions with absolute insulin deficiency) in mice (Fig. 6A) . Seven days after implantation of the recombinant human insulin-loaded device, there was a marked reduction in ad lib blood glucose concentrations along with the amount of water intake in type 1 diabetic mice (Fig. 6B ). In line with this, the otherwise reduced body weight and epididymal fat weight were significantly increased in the recombinant human insulin-treated type 1 diabetic mice (Fig. 6B ). In the glucose tolerance test, the treatment roughly normalized the basal blood glucose concentrations after overnight fasting and effectively ameliorated the glucose intolerance (Fig. 6C) . Notably, the serum human insulin concentrations increased in response to the acute glucose injection even under diabetic conditions (Fig. 6C) , suggesting that our device is capable of controlling glucose fluctuation and mean blood glucose concentrations. We confirmed that the treatment restored the dysregulated mRNA expression of the genes related to glucose and lipid metabolism in type 1 diabetic mice (Fig. 6D) . The device significantly lowered the blood glucose concentrations at ad lib at day 1 after implantation ( Fig. 6E) . Moreover, we monitored hemoglobin A1c (HbA1c) levels and found that the treatment effectively reversed the otherwise increased HbA1c levels in type 1 diabetic mice (Fig. 6F) . We next examined the therapeutic efficacy of the device using dietinduced obese mice, since most of the patients belong to type 2 diabetes (conditions with insulin resistance or relative insulin deficiency). After 4 weeks of high-fat diet feeding when the mice developed hyperinsulinemic insulin-resistant type 2 diabetic conditions, they were implanted with the recombinant human insulin-or PBS-loaded devices and then were subjected to the glucose tolerance test (Fig. 7, A to C) . The recombinant human insulin-loaded device effectively ameliorated the high-fat diet-induced glucose intolerance (Fig. 7C) . There was also a slight but significant decrease in blood glucose concentrations in mice implanted with the recombinant human insulin-loaded device compared to those implanted with the PBS-loaded device (Fig. 7C) . Here, the treatment significantly lowered the otherwise elevated serum mouse C-peptide concentrations in high-fat diet-fed mice (Fig. 7C) , suggesting that the device effectively mitigates obesity-induced hyperinsulinemia. Notably, the treatment did not affect the body weight and tissue weights of epididymal fat and liver in obese mice (Fig. 7D) , although it is known that hyperinsulinemia sometimes increases body weight and adiposity, thereby inducing further insulin resistance. Together, these observations (FTT) (fructose, 0.5 g/kg body weight) and the aspartame tolerance test (ATT) (aspartame, 0.1 g/kg body weight). **P < 0.01 and *P < 0.05. n = 8.
S C I E N C E A D V A N C E S | R E S E A R C H A R T I C L E
indicate that our insulin delivery device is capable of controlling glucose metabolism under both insulin-deficient and insulin-resistant conditions and firmly establish the safety and efficacy of our electronics-free and totally synthetic material-based approach.
DISCUSSION
Here, we demonstrate that our smart gel and catheter-combined simple device scaled suitable for mouse model experiment can provide an artificial pancreas-like function with the feasible safety and efficacy, for the first time, on totally synthetic materials and electronics-free bases.
In all ongoing closed-loop approaches, insulin pharmacokinetics, which matters because of a gap between interstitial and intravascular glucose concentrations resulting in certain lag time in the glucose-lowering action, is a central challenge, and therefore, much effort has been focused on improvement of the controlling algorithm (3, 8) . The beauty of the "skin layer" rationale described here may lie in the fact that it is a gel surface-localized (within at most a few hundred micrometers in thickness) dynamic event, which enables a markedly rapid on-off switching behavior (19) . It also enables a long-term sustained and repeatable pattern of response; that is, the pattern of insulin release does not change essentially for days. These features cannot be easily realized through ongoing research efforts that capitalize on nanoparticle formulation techniques (11, 12) ; those approaches inevitably result in a burst-like and, thus, only transient pattern of response. This discrepancy is significant in the context of improving QOL of the patients because the latter approach would require more frequent dosing, typically several times daily, as is the case for the current open-loop therapy. Owing to its clinically acceptable durability and biosafety, our system, however, can remain effective and stable for potentially as long as 3 weeks or so depending on the volume of the reservoir. The chemical structure of the gel described here is identical to one of those we have previously reported, which had been fine-tuned to be glucose-sensitive under physiological pH and temperature (that is, pH 7.4 and 37°C) while also revealing a gated response at around normoglycemic level of glucose (see figs. S1 and S2). In the course of fine-tuning, the focus was placed on control of the apparent pK a (acidity) of PBA. To make the situation somewhat complicated, the pK a depends not only on the chemical structure of PBA and other structural factors (hydrophilicity, rigidity of the main chain components, the amount of PBA, etc.) but also on the state of hydration, which is a function of a variety of environmental factors including temperature, ionic strength, pH, and sugar concentration (17, 18, 20, 21) . Meanwhile, the gated manner or "all-or-none"-type response of the gel (demonstrated in Figs. 2B and 4B) suggests how the resulting mode of insulin pharmacokinetics might be distinct in its mode of action from those resulting from linearly glucosedependent systems, such as most closed-loop insulin delivery systems currently in use. Regarding this issue, besides its "scalability" or effectiveness at different magnitudes of release, our system also has control over the threshold value of glucose concentration at which the insulin release is commenced, based on the above-mentioned chemistry.
Therefore, if necessary, one can chemically tailor the device with graded performance to treat different types of patients. The sensitivity of the gel to small physiological fluctuations in both pH (that is, acidosis or alkalosis) and temperature may be a potential concern. Regarding this matter, we have separately reported a comparative structure-function study for different gel formulations to markedly mitigate this influence (26) .
Owing to the diffusion-dependent principle, the rate of insulin release is readily scalable, showing a linear correlation with gel surface area, assuming a constant concentration gradient of insulin across the interface over time through stable supply from the upstream reservoir. This feature provides ease-of-dose planning in a quantitative fashion, as systemically demonstrated in this study. The inherent physicochemical properties of the gel itself are also scalable. That is to say, according to the polymer free volume theory, under the premise of constant polymer chain mobility and the polymer-solute interaction, the diffusion coefficient of solutes (that is, insulin) in hydrogels is a function of the size of the solutes relative to that of the polymer chain openings or "mesh size" (27) (28) (29) . As a consequence, the apparent diffusion coefficient of the solutes (insulin) in hydrogels decreases exponentially as the crosslinking density increases and as the swelling degree of the gel (the volume fraction of water within the gel) decreases. This relationship (accounted for by the polymer free volume theory) underlies quantitative basis for the skin layer-driven diffusion control accompanied by an exceptionally sharp (all-or-none type) on-off switching capability described here. Advantageously, both of these parameters, that is, cross-linking density and the swelling degree of the gel, are controllable simply on the basis of the composition of monomers and cross-linkers in feed (in the pre-gel solution) (17, 18, 20, 21) , providing an even wider window for the scalability and optimization of the performance. The structure of the surface-coating poly(ethyleneglycol) thin layer (gel), which was intended to prevent biofouling by proteins, lipids, and other biomolecules after subcutaneous implantation, has also been carefully optimized on the basis of the above theory (30, 31) . Namely, this gel layer has been prepared by reaction between two four-arm branched (tetra) types of building-block macromers with controlled chain length [2500 in molecular weight (M w ) of each chain] and the end (each reactive) functional groups, resulting in the mesh size of about 10,000 with narrow distribution in terms of the molecular cutoff property, which is thus suitable for free permeation of insulin (M w , 5807) and blockade of any larger proteins.
Our device excludes all electronics that are of absolute necessity for the current closed-loop artificial pancreas, that is, sensors, buttery, motors, microcomputers, algorithm, and electrical or wireless communication modules. In other words, all these functions have been molecularly programmed in our smart gel. The gel itself is composed of inexpensive acrylamide derivatives that are stable against heat, solvents, and even autoclave treatments. Note that all these harsh treatments easily denature any proteins that may be present, and thus are not applicable to those existing approaches using GOD and Con A. The pre-gel solution, which instantly and irreversibly gels upon heating, can fill virtually any desired shape and dimension, compatible with other existing medical device structures such as needles and catheters (as demonstrated in this study). The gel can also be combined with semipermeable type of polymeric supports such as those shaped in microneedles in either layered or interpenetrated fashions. For human use, combination with microneedle structures, among other possibilities, may provide an attractive solution to problems of scalability (owing to the large surface area of the microneedles), esthetic considerations, and the need to minimize invasiveness (11) ; in this manner, the scale discrepancy between mice and humans, which is roughly three orders of magnitude difference in weight, may be addressed theoretically. The thoroughly solution-processable fabrication, along with its heat and solvent stability, may also offer compatibility with 3D printable macro-and nanofabrication technologies. These features should offer striking advantages over the current electronics-or protein-based approaches in terms of cost, stability, and ease of mass production, transport, storage, and maintenance.
From the viewpoint of clinical translation, it is important to address how our device responds to the fluctuation of blood glucose levels under physiological and diabetic conditions in vivo. Theoretically, insulin release from the device includes the glucose-independent baseline release and the glucose-responsive inducible one. In contrast to in vitro experiments, in which the maximum insulin release rate under high-glucose conditions (200 mg/dl or higher) is at least two orders of magnitude greater than the basal insulin release rate under normoglycemic (100 mg/dl) conditions, it is technically difficult to examine these pharmacokinetic data in vivo. Nevertheless, our data show a transient and sufficient increase in serum (device-derived) human insulin concentrations. Therefore, it is likely that our device appropriately responds to the acute hyperglycemia in the glucose tolerance test and then leads to faster recovery of the blood glucose levels. On the other hand, the baseline release of human insulin from the device suppresses endogenous insulin release under several experimental conditions, which may be helpful for protection against pancreatic b cell exhaustion in type 2 diabetic patients. The next step, scaling up the protocols from mice to humans, will require tuning the chemical composition of the gel to optimize the baseline/inducible release rate for human conditions. Currently, more than 80% of the expenditure for medical care of diabetes is made in developed countries (1) . However, in developing countries where 80% of people with diabetes will soon live, not enough funds are spent to provide even the least expensive life-saving treatments, largely due to limited access to an adequate health care infrastructure (2, 32) . In this regard, the electronics-free feature of our device could potentially aid in the design of more user-friendly technology, which may facilitate its widespread use not only in developing countries but also by those patients who otherwise may not be strongly motivated, such as the elderly, infants, patients in need of nursing care, patients averse to electrical and mechanical medical devices, and so on. Further studies are required to apply our "smart gel" technology to clinical practice, such as production of the device for clinical use, confirmation of biocompatibility, and precise analysis of insulin pharmacokinetics. Nevertheless, a new paradigm aiming to develop inexpensive (disposable), more robust (tolerant of unconditioned environment), easy-to-access and easy-to-spread (even to developing regions) type of technology may eventually better address the well-recognized unmet medical needs in diabetes, that is, long-term glycemic management, avoidance of hypoglycemia, and improvement of patients' QOL.
MATERIALS AND METHODS
Reagents N-isopropylmethacrylamide (NIPMAAm), 4-(2-acrylamidoethylcarbamoyl)-3-fluorophenylboronic acid (AmECFPBA), N,N′-methylenebisacrylamide (MBAAm), 2,2′-azobisisobutyronitrile (AIBN), FITC-labeled bovine insulin, and all organic solvents (acetone, dichloromethane, ethanol, hexane, toluene, and DMSO) were all purchased from Wako Pure Chemical Industries. NIPMAAm was recrystallized in hexane and then dried in vacuo overnight before use. Antibodies CD45-PE/ Cy7, CD11b-FITC, B220-APC, CD3e-PE, and Ly6G-APC/Cy7 for flow cytometry were purchased from BioLegend. All other reagents were purchased from Sigma-Aldrich or Nacalai Tesque and used as received, unless otherwise noted.
Preparation of gels
A slab gel shown in Fig. 2A was prepared by radical copolymerization under argon atmosphere using AIBN as an initiator in the presence of MBAAm as a cross-linking agent in DMSO. The concentrations of total monomers, AIBN, and MBAAm in feed were 3 M, 7.5 mM, and 150 mM, respectively. The composition of each monomer relative to MBAAm in feed was identical to what is indicated in Fig. 1B . The pre-gel solution was injected between two Teflon sheets (5 × 5 cm) separated by a Teflon gasket (3 mm in thickness) and backed by glass plates. The solution was polymerized at 60°C for 16 hours. The resulting gel slab was immersed successively into a series of DMSO/water mixtures graded in the order of 100/0, 75/25, 50/50, 25/75, and 0/100 to remove unreacted compounds. The slab was kept at least 1 day in each mixed solution. Cylindrically shaped "capillary" gels used for the study depicted in Fig. 2 (B and C) were prepared in an identical manner to the above, except that it was polymerized in a 1-mm-diameter glass capillary (200-ml calibrated pipets; Drummond Scientific Company).
Preparation of catheter-combined device
Silicone catheters (4 French; 1.2 mm of diameter) (Access Technologies) bearing 12 penetrating pores perpendicular to the long axis at 90°dif-ferentiated two positions (thus resulting in 48 pores on the surface) were prepared by a laser processing instrument (VLS3.50, Universal Laser Systems). The diameter of the pore and the pitch was approximately 250 mm and 1 mm, respectively. The obtained porous catheter was washed with hot water containing detergent, steam-cleaned (Steam Cleaner SI-III, GC Corp.), sonicated in water for 10 min, and finally dried. At this stage, the first quality check in term of the resulting pore formability was made. Before gelation, the catheter surface was treated with silane coupling agent bearing methacrylate functionality [3-(trimethoxysilyl) propyl methacrylate, Shin-Etsu Chemical Co. Ltd.] to warrant the stability in the following gel attachment. Namely, the dried catheter was first plasma-cleaned in a plasma reactor (Plasma Dry Cleaner PD C210, Yamato Scientific Co. Ltd.) for 60 s with the power of 300 W under flows (15 ml/min) of oxygen and argon, exposed to the coupling reagent in 10% toluene solution for 30 min, rinsed with toluene and dichloromethane, and then incubated at 120°C for 2 hours to allow the surface silane coupling reaction. For the molded gelation (Fig. 3) , an aluminum wire of 300 ml in diameter was aligned through the long axis of the catheter. This was placed in a glass capillary bearing a slightly larger inner diameter than that of the catheter, which was then filled with (the above-described) pre-gel solution. After the gelation, the gel-modified catheter containing the aluminum wire was taken out of the glass capillary and immersed in 2 M HCl aqueous solution for 1 to 2 hours until the wire becomes somewhat eroded, thus allowing for the ease of removal. The resulting gel-molded catheter was then washed with excess amount of water for 2 days and dried. At this stage, the second quality check was made in terms of the molding quality of the gel. The gel-molded catheter (cut into pieces of 15-mm length) was then connected with another longer (11 cm) piece of nontreated catheter (Fig. 3F) ; the thus-installed long-tail part served as an insulin reservoir. The connecting catheter had been sonicated in ethanol and plasmacleaned before use. The connection was made by two steps: first, using heat-shrinkable tubing (SUMITUBE K, Sumitomo Electric Industries Ltd.), followed by the waterproofing treatment by use of epoxy resin [Shin-Etsu Silicone one-component RTV (KE-3424-G), Shin-Etsu Chemical Co. Ltd.]. The thus-obtained reservoir-installed device was dried at room temperature for overnight. The porous surface area of the device was further coated with a thin layer of poly(ethyleneglycol) (Tetragel) as follows. Two types of four-arm branched (tetra) poly(ethyleneglycol) macromers of 10,000 in M w (2500 for each chain) bearing either amino (100PA, NOF Corp.) or active ester (N-hydroxysuccinimide-activated) groups at each four end (100CS, NOF Corp.) were dissolved separately in PBS (1 g/20 ml) adjusted to be pH 7.4 and pH 5.8, respectively. These were mixed in a stoichiometric ratio and quickly homogenized at room temperature, to which the device was gently immersed and then kept overnight under high-humidity atmosphere. Thereafter, the device was autoclaved (121°C for 25 min) and dried. Before insulin load, the most frontal (gel-modified) part of the device was immersed in PBS and kept overnight at room temperature under sterilized conditions. Finally, the device was filled with recombinant human insulin (Humulin R, Eli Lilly Japan K.K.) and used for the animal study.
Imaging of the device
In the course of preparation and in vivo study, cross sections of the device were examined by digital optical microscopy and scanning electron microscopy (SEM). Devices immersed in optimum cutting temperature (OCT) compound (OCT Compound 4583, VWR International LLC) were placed vertically in cryomold [Tissue-Tek Cryomold Biopsy (15 × 15 × 5 mm), VWR International LLC]. Then, the suspensions in cryomold were placed on a freezing microtome sample holder (Leica CM1950, Leica Biosystems Inc.) for freezing. Obtained frozen suspensions were sectioned with a thickness of 50 mm using a freezing microtome (Leica CM1950) and then washed three times with Milli-Q water to remove the OCT compound. After washing, the sections were analyzed on a digital microscope (RH 2000 coupled with MXB-2016Z, Hirox Co. Ltd.) ( fig. S3) . Thereafter, the sections were transferred onto a carbon tape and dried overnight at room temperature. Morphologies of the dried sections were visualized by a benchtop SEM system (JCM-6000, JEOL Co. Ltd.) after gold coating with a sputter coater (SC-701AT047-9010 Quick Auto Coater, Sanyu Co. Ltd.) (figs. S4 to S6).
Release experiments
Release experiments were carried out using an HPLC system (JASCO) equipped with two pumps and internal detectors for refractive index (RI) and fluorescence intensities ( fig. S10) . Insulin was loaded into the gel (capillary gel) or catheter-combined device by immersing them in PBS containing FITC-labeled bovine insulin (130 mg/liter) at 4°C for 24 hours. The insulin-loaded gel or device was then transferred to a 0.01 M HCl aqueous solution and incubated at 37°C for 30 min to form the skin layer on its surface for the entrapment of the FITC-labeled insulin. This treatment was meant for shortening the time required for the skin layer formation (19) . The insulin-loaded gel or device was then put in a Tricorn Empty High-Performance Column (GE Healthcare) having dimensions of 10 and 50 mm in inner diameter and length, respectively. The column was settled in a thermostated (at 37°C) flow of PBS (pH 7.4; 155 mM NaCl) containing glucose (100 mg/dl), the flow rate of which was constantly 1 ml/min in a chamber connected to the HPLC system. The initial equilibration was allowed until no leakage of insulin from the device (or gel) was observable, which typically took a few hours. The fluorescence intensity of the solution at 520 nm (excitation wavelength, 495 nm) was monitored to quantify the released amount of FITClabeled insulin from the device (or gel) based on calibration. Two solutions, PBS with and without glucose (1000 mg/dl), were prepared and supplied through the two pumps of the system. The mixing fraction of the two pump supply was continuously controlled by the equipped software (ChromNAV, JASCO) to provide desired temporal gradient patterns of the glucose concentration between 100 and 500 mg/dl. In situ glucose concentration was monitored at the chamber outflow by the RI detector throughout the experiment. The calibration was carried out by measuring standard PBS containing FITC-labeled insulin with a range of concentrations between 240 pM and 125 nM. The obtained calibration curve was fitted by the following quadratic equation: I = 39,222C − 40C 2 (R 2 = 0.999), where I is the observed fluorescence intensity, and C is the concentration (in nanomolars) of FITC-labeled insulin. This equation was used to assess the discrepancy in the rate of insulin release under two distinct equilibrium states, that is, hyperglycemic (200 mg/dl) and normoglycemic (100 mg/dl) conditions. For a single device, the former was calculated to be on the order of 10 to 100 nM, whereas the latter was found to be below the detection limit, which is less than 100 pM.
Animals
Eight-week-old C57BL/6J mice were purchased from CLEA Japan. They were maintained in a temperature-, humidity-, and light-controlled room (12-hour light/dark cycles) and allowed free access to water and standard chow (343.1 kcal/100 g, 12.6% energy as fat; CE-2, CLEA Japan). Type 1 diabetic mice were generated by intraperitoneal injection of STZ (125 mg/kg body weight for 3 consecutive days). Type 2 diabetic mice were generated by feeding of high-fat diet (556 kcal/100 g, 60% energy as fat; D12492, Research Diets) for 4 weeks. The catheter-combined device containing 150 ml of recombinant human insulin or PBS was implanted subcutaneously in the back skin of the mice. All in vivo experiments in this study were approved by the Animal Care and Use Committee of Nagoya University (approval number 16072).
Cell culture 3T3-L1 preadipocytes were purchased from American Type Culture Collection. Differentiation of 3T3-L1 preadipocytes to adipocytes was described elsewhere (33) . Cells at day 10 after the induction of differentiation were used for the insulin-dependent glucose uptake experiments. After the change of culture medium containing different amounts of glucose (that is, 450 and 100 mg/dl), the gel pieces were put on the Transwell inserts with a 0.4-mm porous membrane (Corning), and the change of each medium glucose concentration was monitored.
Glucose, fructose, and aspartame tolerance test The glucose tolerance test was performed as described (34) . Briefly, blood glucose concentrations were measured at 0, 15, 30, 60, 90, and 120 min after intraperitoneal injection of glucose (1 to 3 g/kg body weight) by a blood glucose test meter (Glutest Mint, Sanwa-Kagaku). The fructose (2 g/kg body weight) and aspartame (0.1 g/kg body weight) tolerance tests were performed similarly to the glucose tolerance test.
Blood analysis
Serum human and mouse insulin and mouse C-peptide concentrations were measured using commercially available enzyme-linked immunosorbent assay kits (human insulin, Mercodia AB; mouse insulin and mouse C-peptide, Morinaga). HbA1c was measured using Quo-Lab (Nipro). Flow cytometry analysis was performed to evaluate the populations of white blood cells using the MACSQuant Analyzer 10 (Miltenyi Biotec) and FlowJo 9. Quantitative real-time polymerase chain reaction Total RNA was extracted from the liver, and quantitative real-time polymerase chain reaction (PCR) was performed as described (34) . Briefly, 10 ng of complementary DNA was used for real-time PCR amplification with SYBR Green Detection Protocol using StepOnePlus (Life Technologies). Primers used in this study were as follows: C-X-C chemokine receptor type 2 (CXCR2) sense, 5′-GGTGACTCTGCTGA-GCCTTGT-3′; CXCR2 antisense, 5′-GCAGGTGCTCCGGTTGTA-TAA-3′; G6Pase sense, 5′-CACCTGTGAGACCGGACCA-3′; G6Pase antisense, 5′-GACCATAACATAGTATACACCTGCTGC-3′; interleukin-6 (IL-6) sense, 5′-CCAGAGATACAAAGAAATGATGG-3′; IL-6 antisense, 5′-ACTCCAGAAGACCAGAGGAAAT-3′; monocyte chemoattractant protein-1 (MCP-1) sense, 5′-CCACTCACCTGCTGCTACTCAT-3′; MCP-1 antisense, 5′-TGGTGATCCTCTTGTAGCTCTCC-3′; PEPCK sense, 5′-CCACAGCTGCTGCAGAACA-3′; PEPCK antisense, 5′-GAAGGGTCGCATGGCAAA-3′. The F4/80, FAS, SREBP1c, TNFa (tumor necrosis factor-a), and 36B4 primers were described previously (35) . Data were normalized to the 36B4 levels and analyzed using the comparative C t (cycle threshold) method. cytotoxicity. Chinese hamster lung fibroblasts (V79) were cultured in Eagle's minimum essential medium (MEM) supplemented with 10% fetal bovine serum (FBS). Eight pieces of catheter-combined device, polyurethane film (negative control), and polyurethane film containing 0.1% of zinc diethyldithiocarbamate (positive control) were extracted in M05 medium (Eagle's MEM supplemented with 5% FBS and 1 mM sodium pyruvate) at the concentration of 0.1 g/ml. After incubation in a 5% CO 2 incubator at 37°C for 24 hours, the conditioned media were designated to be 100% extract. The 100% extract was diluted with M05 medium, and these were added to prepared V79 cells. After 6 days, the cells were fixed with methanol and stained by 10% Giemsa staining solution. The number of colonies on each well was counted, and relative plating efficiency was calculated as a ratio of the number of colonies in the sample to that in the control.
Colony formation assay
Histological analysis
The skin with control silicone catheter or the catheter-combined device was fixed with neutral-buffered formalin and embedded in paraffin. Sections (2 mm thick) were stained with hematoxylin and eosin and Masson's trichrome.
Statistical analysis
Data are means ± SEM, and P < 0.05 and P < 0.01 were considered statistically significant. Statistical analysis was performed using analysis of variance (ANOVA), followed by Tukey-Kramer test. Unpaired t test was used to compare two groups. 
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